Abstract-With the wide use of small animals for biomedical studies, in vivo small-animal whole-body imaging plays an increasingly important role. Photoacoustic tomography (PAT) is an emerging whole-body imaging modality that shows great potential for preclinical research. As a hybrid technique, PAT is based on the acoustic detection of optical absorption from either endogenous tissue chromophores, such as oxyhemoglobin and deoxyhemoglobin, or exogenous contrast agents. Because ultrasound scatters much less than light in tissue, PAT generates high-resolution images in both the optical ballistic and diffusive regimes. Using near-infrared light, which has relatively low blood absorption, PAT can image through the whole body of small animals with acoustically defined spatial resolution. Anatomical and vascular structures are imaged with endogenous hemoglobin contrast, while functional and molecular images are enabled by the wide choice of exogenous optical contrasts. This paper reviews the rapidly growing field of smallanimal whole-body PAT and highlights studies done in the past decade.
whole-body imaging modalities, such as MRI, positron electron tomography (PET), and X-ray computed tomography (CT), have evolved preclinical counterparts with higher spatial resolution. However, these techniques have their own limitations on small-animal research. For instance, micro-MRI requires a costly high magnetic field to achieve high spatial resolution and suffers from slow data acquisition (DAQ) [3] ; micro-X-ray CT and PET utilize ionizing radiation, which may confound longitudinal observations [4] ; and ultrasound biomicroscopy [5] has low acoustic impedance contrast among soft tissues. Pure optical imaging modalities have also been widely used in smallanimal whole-body research; however, they are afflicted with either limited penetration depth, requiring slicing sacrificed animals [2] , [6] , or very poor spatial resolution (>1 mm) [7] .
Recently, there has been increasing interest in whole-body photoacoustic tomography (PAT). PAT utilizes nonionizing laser illumination to generate an internal temperature rise, which is subsequently converted to pressure via thermoelastic expansion. The pressure waves are detected by ultrasonic transducers, and the temporal signals are reconstructed to form an image of the optical absorbers. The conversion to acoustic waves enables PAT to generate high-resolution images in both the optically ballistic and diffusive regimes [8] , [9] . Combining endogenous and exogenous contrasts, PAT can provide anatomical, functional, and molecular assessments in a single modality. Anatomical structures can be imaged based on endogenous hemoglobin contrast. Hemoglobin can also serve as a functional contrast for imaging hemoglobin oxygen saturation (sO 2 ) [10] , speed of blood flow [11] , [12] , and metabolic rate of oxygen [13] . Molecular imaging is enabled by the broad choice of labeling dyes [14] , nanoparticles [15] , and proteins [16] , [17] . These unique advantages position whole-body PAT to make a broad impact in preclinical medical research and life sciences.
Over the past few years, several small-animal whole-body PAT systems, employing different light illumination and detection schemes, have been developed [18] [19] [20] [21] . In this paper, we review different photoacoustic whole-body imaging techniques and highlight studies done in the past decade. While whole-body imaging includes both brain and trunk imaging, this review focuses on trunk imaging. Recent reviews on photoacoustic brain imaging can be found in [22] and [23] . Nevertheless, most of the systems discussed in this review can image the brain with little or no modifications.
II. PAT PRINCIPLES AND IMAGE RECONSTRUCTION
Following short laser pulse excitation, PAT signal originates from optical absorption in tissue. The laser pulse duration is normally within several nanoseconds, which is less than both the thermal and stress confinement times. The initial photoacoustic pressure p 0 ( r) in an object can then be expressed by [24] p 0 ( r) = Γ ( r) μ a ( r) F ( r) (1) where Γ is the Grüneisen parameter, μ a is the optical absorption coefficient, and F is the local fluence. Based on the photoacoustic signals received at multiple detecting positions, the distribution of p 0 ( r) in the object can be reconstructed. Several image reconstruction algorithms have been developed for PAT in the past few years [25] [26] [27] [28] , and reviews of the subject are available in [29] and [30] . For three canonical detection geometries-planar, cylindrical, and spherical-the universal back-projection (UBP) algorithm [25] offers exact reconstruction and is the most widely used. UBP's time-domain formulation can be expressed as
(2) Here Ω 0 is the solid angle of the whole detection surface S with respect to a given source point at r, p( r d , t) is the pressure received at detecting position r d and time t, and v s is the speed of sound. Equation (2) indicates that p 0 ( r) can be obtained by back-projecting the filtered data-
onto a collection of concentric spherical surfaces that are centered at each transducer location r d . dΩ/Ω 0 is the weighting factor applied to each back-projection.
The time-reversal (TR) method is another widely used reconstruction algorithm [31] . Compared to UBP, the TR method can be used in arbitrarily closed surfaces and can incorporate acoustic heterogeneities [32] . In the TR method, one imposes zero initial conditions at time T and boundary conditions equal to the measured data. Here, T is the maximum time for the wave to traverse the detection domain. The wave equation is then solved in the reversed time direction (from t = T to t = 0) using numerical methods, such as finite-difference techniques [33] . An open source MATLAB toolbox for TR reconstruction has been made available by Treeby et al. [33] .
It should also be noted that most image reconstruction algorithms assume point-like ultrasonic transducers with an infinite temporal-frequency bandwidth. In practice, however, the photoacoustic pressure waveform is always degraded by the finite aperture size [28] , [34] , [35] and the finite bandwidth [36] [37] [38] of the transducer. Therefore, directly applying these algorithms to experimental data may cause artifacts. To compensate for transducer degradations, iterative image reconstruction algorithms have been developed based on the transducer characteristics, which are described by time invariant linear systems with the transducer's spatial impulse response and acoustoelectric impulse response as convolution kernels [36] . On the basis of these comprehensive imaging models, more accurate images have been reconstructed using iterative image reconstruction algorithms [34] , [36] . intact, but the skin removed. (e) Anatomical photograph with the skin and the ribs removed. The photographs and photoacoustic images were obtained from the right side of the rat. AA, arcuate blood vessels; IB, interlobar blood vessels; IT, intestines; KN, kidney; LF, lumbodorsal fascia; LV, liver; RV, blood vessels around ribs; SC, blood vessels in the spinal cord; and VC, vena cava inferior. Reproduced with permission from [23] .
III. WHOLE-BODY PAT SYSTEMS AND REPRESENTATIVE IMAGES

A. Planar-View PAT
Planar-view imaging systems scan over a 2-D surface to provide 3-D images of the object. Deep reflection-mode photoacoustic macroscopy (Deep-PAMac) was one of the first photoacoustic systems to image rats at the organ level [39] , [40] . Fig. 1(a) shows the schematic of the system. A dark-field ringshaped illumination is formed by a concave lens, a spherical conical lens, and an optical condenser in tandem. This illumination has a great advantage over bright-field illumination in that it can reduce the generation of surface photoacoustic signals and improve the detection of deep photoacoustic signals. The excitation light is delivered in free space using prisms, which maximize the light delivery efficiency compared to fiber optical light delivery. The ultrasound transducer has a 5 MHz central frequency and is spherically focused. At its focal point, the transverse resolution (∼560 μm) can be estimated by 1.4λf/d, where λ is the acoustic wavelength, f is the focal length, and d is the diameter of the active element. The axial resolution (∼144 μm) is spatially invariant and determined by the transducer's bandwidth and central frequency, which are ultimately limited by the desired maximum imaging depth in tissue. Using a spherically focused transducer, one assumes that the received photoacoustic signals are all generated along the axial line of the transducer, and therefore image reconstruction is not necessary. However, advanced reconstruction algorithms, such as virtual-detector image reconstruction [41] , can sustain transverse resolution along the axial direction over a broader interval. Fig. 1(b) -(e) show in situ images of a rat's kidney region. To reveal structures at different depths, the 3-D volumetric images were divided into two sections, above and below the top surface of the kidney. Maximum amplitude projection (MAP) was then performed within each section. Fig. 1(b) shows a MAP image of the liver (LV) and blood vessels around the ribs (RV), and Fig. 1(c) shows a MAP image of the kidney (KN), spinal cord Instead of using piezoelectric transducers, photoacoustic signals can also be detected optically using a Fabry-Perot interferometer (FPI) [42] . The FPI sensor is transparent and can be attached to the surface of the object without blocking the excitation laser [see Fig. 2(a) ]. A focused probe beam from a 1550-nm continuous-wave laser raster-scans over the surface of the sensor to map the distribution of the photoacoustic waves arriving at the sensing film. This configuration is equivalent to scanning an unfocused single-element piezoelectric transducer with an active area equaling the size of the focal spot (22 μm). Unlike Deep-PAMac, volumetric image reconstruction is required because of the unfocused detector. The axial resolution (27 μm) of the system is spatially invariant and determined mainly by the bandwidth and central frequency of the sensor [43] . The lateral resolution (∼120 μm) depends on the detection aperture, the effective acoustic element size, and the bandwidth of the sensor. Fig. 2 (b)-(e) show in situ images of the abdomen of a pregnant mouse containing two embryos [42] . The images were reconstructed using the time-reversal algorithm [33] . In the 0-6 mm depth MAP image [see Planar-view PAT can also be performed using commercial linear [44] , [45] , phased [45] , or 2-D matrix [46] ultrasonic transducer arrays. These systems have the advantage of simultaneous acquisition of ultrasonic B-mode and photoacoustic images. The handheld probe also simplifies animal handling and the experimental procedure. However, photoacoustic imaging in these systems is still suboptimum in terms of light illumination [47] , detection coverage [48] , and receiving sensitivity [49] . Further improvements are still needed in order to match the image quality of dedicated PAT systems.
B. Circular-View PAT
Circular-view PAT has a detection geometry analogous to MRI and X-ray CT. There are currently two circular-view PAT systems: multispectral optoacoustic tomography system (MOTS) [21] , [50] and ring-shaped confocal photoacoustic computed tomography (RC-PACT) [51] . Fig. 3(a) shows the schematic of whole-body MOTS. The system is built around a custom-made 64-element transducer array with 5 MHz central frequency. The array covers an angle of 172
• around the object. Each element in the array is shaped to create a cylindrical focus at 40 mm. The theoretical resolution is estimated to be 150 μm in plane and 800 μm in elevation. The excitation laser beam is guided into a fiber bundle consisting of 630 fibers partitioned into 10 arms. The 10 arms are evenly positioned around the animal, creating a ring-shaped illumination pattern of 7 mm width. The animal is held inside a water-impenetrable membrane, which is optically and acoustically transparent. RC-PACT addressed these problems by using a full-ring transducer array and free-space light delivery [51] . The system was built around a custom-made 512-element full-ring transducer array with 5 MHz central frequency and 5 cm ring diameter [52] . Each element in the array is shaped into an arc to produce an axial focal depth of 19 mm within the imaging plane. The combined foci of all elements generate a central imaging region of 20 mm diameter and 1 mm thickness. Within this region, the system has 100-250 μm tangential (transverse) resolution and 100 μm axial resolution. The homogenized laser beam is first converted into a ring-shaped light by a conical lens and then projected around the animal body using an optical condenser. The light band has a thickness of 5 mm, and its diameter is determined by the cross-sectional diameter (∼2 cm) of the animal. The oblique light incidence allows a weak focus inside the animal body and minimizes the surface photoacoustic signal in the detection plane. As can be seen in the inset of Fig. 4(a) , the optical focal region overlaps with the acoustic focal plane. This confocal design improves the efficiency of detecting photoacoustic signals generated in deep tissues. The animal is supported by high strength thin monofilament lines (0.13 mm diameter), which has minimum optical and acoustic interferences. Fig. 4(b) -(d) are in vivo cross-sectional images acquired noninvasively using the ring-shaped light illumination. To mitigate image distortion due to acoustic heterogeneities in the animal body, half-time image reconstruction was utilized to form these images [53] . Blood-rich organs, such as liver, spleen, spine, kidneys, and GI tracts are clearly visible. Detailed vascular structures within these organs are also visible, indicating that RC-PACT can be used for angiographic imaging. With the help of contrast agents, organs with little blood can also be imaged. Fig. 4(d) shows a bladder image, which was acquired 30 min after tail vein administration of IRDye800, a near-infrared dye.
By removing the conical lens and optical condenser, the system is converted into a top illumination system, which can be used for brain imaging [54] , [55] . Fig. 4(e) is an in vivo cortical vessel image acquired noninvasively using such a configuration. Mouse embryos [35] and newborn mice [20] can also be imaged using top illumination. The imaging speed of the RC-PACT system is 1.6 s per frame, limited by the 64-channel DAQ system. Image reconstruction algorithms based on sparsely sampled data have been developed to address that issue [56] , [57] .
C. Spherical-View PAT
Compared to planar-and circular-view PAT, a spherical-view PAT system can provide nearly isotropic spatial resolution and is ideal for volumetric imaging. Fig. 5(a) is a schematic of a photoacoustic whole-body tomography system with a hemispherical detection view [19] . The detector array consists of 128 ultrasonic transducer elements laid out in a spiral pattern on the hemispherical surface, with a 100 mm radius of curvature [see Fig. 5(b) ]. Each element has a central frequency of 5 MHz and a diameter of 3 mm. The detector bowl is mounted on a rotational stage capable of exact readout of the bowl's angular position. The spiral pattern ensures the element's positions are uniformly distributed over the hemispherical surface after a 360
• rotation [see Fig. 5(c) ]. The spatial resolution of the system was measured to be 400 μm at its central frequency [58] . Photoacoustic excitation was performed by an OPO laser tunable from 680 to 950 nm. The light passed through a clear aperture at the bottom of the detector bowl to illuminate the object. Before the experiment, an acoustically and optical transparent sample tray was mounted above the detector bowl and the animal was placed on the tray with the body partially immersed in water. Fig. 5(d) is a MAP image of a mouse scan [19] . The kidney and spine can be clearly identified in the image. In another design, Reinecke et al. modified their original photoacoustic whole-body tomography system [59] and combined photoacoustic, thermoacoustic, and ultrasound imagings into one setup [see Fig. 6(a) ] [60] . Fig. 6(b) is a drawing of the 3-D transducer array used for photoacoustic and thermoacoustic imagings. The custom-made array consists of 128 elements laid out on a cylindrical surface with 40 mm radius of curvature. Each element (1.8 mm × 2.0 mm) has a central frequency of 5 MHz and a bandwidth of more than 80%. It can be noticed that there are more elements located near the midpoint of the array. This design ensures a nearly uniform distribution of elements on the spherical surface after a full 360
• rotation [see Fig. 6(c) ]. An OPO laser tunable from 680 to 950 nm was used as the photoacoustic light source. The laser light was coupled into an optical fiber bundle and then split into two beams [see green lines, Fig. 6(a) ] that converged at the center of the imaging volume. Thermoacoustic excitation was delivered through two microwave waveguides mounted on the opposite sides of the water tank. The microwave source operated at 434 MHz, with a repetition rate of 10 000 Hz and pulse duration of 200 ns. The delivered microwave power was estimated to be 4 mJ per pulse. B-mode ultrasound imaging was performed by an 8 MHz linear ultrasound array with 128 elements. Volumetric ultrasound images were obtained by translating the animal in elevation. Fig. 6(d) shows a coregistered MAP image combining three modalities. Each modality is represented by a different color. Due to the limited field of view, photoacoustic and thermoacoustic experiments were performed through four sections covering a span of 10 mm in each section. The kidneys and spine can be clearly identified in the fused image. To avoid motion artifacts, the experiment was performed on a scarified mouse.
With a larger arc-shaped transducer array (65 mm radius of curvature) and a different animal mounting scheme, Brecht et al. developed a spherical view PAT system capable of in vivo wholebody imaging [18] . The photoacoustic signals are detected by a 64-element transducer array with 3.5 MHz central frequency and greater than 80% bandwidth. Each element in the array has a square dimension of 2 mm and is evenly distributed along the arc. This design results in a higher density of detector elements toward the poles of the reconstruction sphere. To account for that, photoacoustic signals are normalized according to the detector density before image reconstruction [18] . Optical illumination is provided by two fiber bundles facing the object from opposite directions [see Fig. 7(a) ]. The animal is mounted on a custom-made mouse holder consisting of two hollow cylinders connected with fiberglass rods. The upper portion of the holder creates a diving bell for the mouse to breathe freely in the water tank. The pretensioned fiberglass rods allow the animal to be held in place with minimum movement. For a complete volumetric scan, the animal rotated 360
• in 150 steps. This step size ensures even detector spacing in the equatorial and meridianal directions. The spatial resolution of the system is 500 μm. Fig. 7(b) shows a photoacoustic image of a mouse acquired at 755 nm excitation wavelength. The inferior VC and its bifurcation into the femoral veins can be clearly seen. Additionally, the left and right kidneys, the spleen, and a partial lobe of the liver can also be easily identified. A volumetric image from another mouse is shown in Fig. 7(c) . In this experiment, the spine was positioned at the center of the rotation, where the sensitivity and resolution of the probe are the highest. Therefore, the spine structures can be clearly identified in the image.
IV. IMAGING APPLICATIONS
A. Glucose Metabolism Imaging
In preclinical and clinical cancer staging and treatment planning, simultaneous imaging of both glucose metabolism and anatomy plays an important role. Currently, it can be done only by dual modalities, such as PET-MRI and PET-CT, which are not only costly but also of low resolution. Additionally, due to ionizing radiation, longitudinal monitoring of the same subject is usually not feasible. Using RC-PACT, Chatni et al. reported the first high resolution imaging of both anatomy and glucose metabolism in a single modality [14] . While anatomical images were produced by the endogenous hemoglobin contrast, tumor glucose metabolism was imaged using IRDye800-2DG [61] , a near-infrared fluorophore-labeled glucose analog.
The experiment was first performed on a mouse bearing a skin tumor, and the photoacoustic images were confirmed with fluorescence imaging. To demonstrate the depth imaging capability of RC-PACT, Chatni et al. also imaged two mice with orthotopically implanted 786-O kidney tumor cells. Following the control experiment, 200 μL of (0.4 mM) IRDye800-2DG was administered through the tail veins, and the mice were imaged after 24 h. This 24-h time window ensured that unbound IRDye800-2DG was excreted by the kidneys and bladder. Fig. 8(a) shows representative anatomical cross sections of the two mice. In both mice, the cancerous kidneys (left) are much larger than healthy kidneys (right). After spectral separation, the absolute concentrations of HbT [see Fig. 8(b) ] and IRDye800-2DG [see Fig. 8(c) ] were estimated according to the HbT concentration (2.3 mM) in the VC. In Fig. 8(c) , a threshold, equaling the mean IRDye800-2DG concentration in the healthy kidney, was applied to account for nonspecific IRDye800-2DG uptake due to the kidneys being the excretory route. The tumor-to-normal tissue contrast for IRDye800-2DG uptake was calculated to be 3.3 at the most metabolically active site in the tumor. The same spectral separation method was also applied on the control RC-PACT images acquired from the same mice before dye injection. As expected, no significant IRDye800-2DG uptake was observed. This observation further confirms the results in Fig. 8(c) . Using a different fluorescent dye, 2NBDG, which has a smaller molecular size, the system also demonstrated imaging of brain metabolism in vivo [62] . Again, the tumor is labeled blue, the blood is labeled red, and the spectrally resolved iRFP signal is normalized to the spectrally resolved blood signal. The tumor position is indicated by the green arrow. Reproduced with permission from [17] .
B. Deep Tissue Imaging of Fluorescent Proteins
In the past few years, genetically encoded fluorescent proteins (FPs) have revolutionized many areas of biology and medical research. FPs can be produced by living cells and tissues, eliminating the need for exogenous delivery of contrast agents. FPs also have strong optical absorption, which allows them to be used in photoacoustic imaging. The first in vivo photoacoustic imaging of FPs was reported in 2009 by Razansky et al. [16] . The study was, however, performed on small and nearly transparent organisms, and did not demonstrate the full advantage of photoacoustic imaging. In 2012, Filonov et al. reported the first deep-tissue photoacoustic imaging of FPs in a live mouse [17] . The FP used in their study was a phytochrome-based nearinfrared fluorescent protein (iRFP), with excitation and emission maxima at 690 and 713 nm, respectively [63] . The near-infrared absorption characteristics allow deep tissue imaging.
iRFP was transfected into MTLn3 adenocarcinoma cells and injected into the mammary fat pad of female SCID/NCr mice. Three weeks after injection, experiments were performed using the RC-PACT (see Fig. 4 ) and the Deep-PAMac (see Fig. 1 ) systems. RC-PACT could image the entire cross section of the mouse body, while Deep-PAMac provided 3-D volumetric 
C. Studying Long-Term Biodistribution of Optical Contrast Agents
With the broader use of nanoparticles in biomedical research, their long-term toxicity and biological distribution have drawn increasing interest. Currently, the biodistribution can be studied only by sacrificing multiple animals at different time points and then slicing the tissue to identify the state of the particular particle [2] . The development of photoacoustic whole-body imaging allows researchers to follow particles' biological progress noninvasively in a live animal. Using the 3-D PAT system in Fig. 7(a) , Su et al. monitored the distribution of gold nanorods in mice over a period of 190 h [64] . The gold nanorods used in the study had an optical absorption peak around 765 nm and an average size of 220 nm. Before injection, control experiments were performed at 765 and 1064 nm wavelengths. The mouse was then injected with 400 μL of nanorod solution (19 mg of Au per kg of body mass), and photoacoustic experiments were repeated at 1, 24, 48, and 192 h following the injection. For images acquired at 765 nm [see Fig. 10(a) ], enhancements in photoacoustic intensity can be clearly seen in the areas of spleen and spine. The overall image intensity is also much higher than that of the preinjection image. Surprisingly, enhancement in image intensity was also observed in the 1064 nm images [see Fig. 10(b) ], and the signal reached its maximum two days after injection. This finding is possibly due to the change in optical properties of nanorods upon interaction with biological components of blood. Such an interaction may broaden the plasmon resonance peak and shift it toward the infrared region [64] . The relative changes in image intensity are shown in Fig. 10(c) and (d) . A quick increase followed by a much slower decline was observed in most organs, indicating slow excretion rates for the nanorods.
D. Video-Rate Cross-Sectional Imaging
An advantage of cross-sectional whole-body imaging systems is their fast imaging speed. When the number of DAQ channels matches that of the ultrasonic array elements, real-time imaging can be achieved at the laser's pulse repetition rate. Using the half-ring PAT system shown in Fig. 3, Buehler et al. imaged the perfusion of Indocyanine Green (ICG) in a mouse kidney in real time [21] . A female, eight-week-old CD1 mouse, anesthetized with a mixture of ketamine and xylazine, was used in the experiment. After the mouse was mounted on the imaging platform, 300 nmol ICG was administrated through the tail vein. Video-rate imaging was then performed at the laser's pulse repetition rate (10 Hz) without averaging. Fig. 11 shows a time series of images acquired in real-time after ICG injection. From the differential image [see Fig. 11(b) ], the first appearance of ICG is clearly visible at 16 s after injection. Gradual spread of the dye into the kidneys can be observed in the subsequent slices. The vascular structure was also enhanced in the image by the presence of ICG.
In another study, Buehler et al. developed a 3-D video-rate imaging system using a 256-element array [65] . The array elements were laid out in multiple half-rings, all facing the center of imaging region. Each element (4 × 4 mm
2 ) was unfocused and has a central frequency of 3.3 MHz. Due to the limited field of view (10 × 10 × 10 mm 3 ), the system has thus far been used to image only newborn mice.
V. SUMMARY
Since the first demonstration of small-animal whole-body PAT in 2003 [59] , the field has been growing rapidly. Multiple PAT imaging systems with different detection and light illumination schemes have been developed. Some of these systems are also commercially available. While promising whole-body images have been acquired, more work needs to be completed to further improve the performance of the technique.
In terms of imaging speed, the current bottlenecks are the laser's pulse repetition rate and the number of DAQ channels. With state-of-the-art multichannel DAQ systems, crosssectional imaging systems can achieve a frame rate that equals the lasers' pulse repetition rate. For volumetric imaging, even with the latest hardware, it is still extremely challenging to capture fast dynamics, such as the uptake of contrast agents and the mouse heartbeat. In this regard, image reconstruction algorithms dealing with sparse sampling of the detecting aperture are a promising solution [56] , [57] . For real-time reconstruction and visualization of photoacoustic images during high-speed data acquisition, the bottleneck is the computational power of the system's CPU. By performing imaging reconstruction on graphic processing units (GPU) [66] [67] [68] or field-programmable gate arrays (FPGA) [69] , real-time cross-sectional and volumetric image visualization have been achieved.
Quantitative whole-body imaging also faces challenges because the photoacoustic amplitude is proportional to the product of the local light fluence and the optical absorption coefficient (1) . Therefore, optical heterogeneities in the body need to be taken into account in spectral photoacoustic studies. The simple linear spectral inversion only works in special cases, when the absorber of interest has an absorption spectrum distinct from those of surround tissues [70] . Functional imaging of blood oxygenation does not satisfy that assumption, as the two forms of hemoglobin have similar absorption values in the near-infrared region. To address this issue, PAT has been combined with other optical modalities, such as diffuse optical tomography [71] , [72] , to improve the accuracy of recovering absorption coefficients. Advanced spectral separation algorithms [73] [74] [75] have also been developed.
As with optical heterogeneities, acoustic heterogeneities, such as variations in the speed of sound (SOS) and the presence of acoustic reflectors, also need to be considered. In a full-view whole-body imaging system, the half-time image reconstruction algorithm [76] is a promising method to mitigate artifacts caused by acoustic heterogeneities. Integrated PAT and ultrasound tomography (UST) systems have also been developed [77] [78] [79] [80] . UST measures the tissue's acoustic properties, which can be used to inform PAT image reconstruction [78] , [81] . PAT reconstruction algorithms accounting for specific acoustic properties, such as SOS and attenuation, have been proposed [27] , [78] .
Nevertheless, encouraging PAT small-animal whole-body images have already been reported, and addressing the aforementioned challenges will only further improve the capability of whole-body PAT imaging. With its unique combination of optical absorption sensitivity and ultrasonic imaging depth and resolution scalability [9] , PAT has great potential for small-animal whole-body imaging.
